Abstract-The 4D extended cardiac-torso (XCAT) phantom was developed to provide a realistic and flexible model of the human anatomy and cardiac and respiratory motions for use in medical imaging research. A prior limitation to the phantom was that it did not accurately simulate altered functions of the heart that result from cardiac pathologies such as coronary artery disease (CAD). We overcame this limitation in a previous study by combining the phantom with a finite-element (FE) mechanical model of the left ventricle (LV) capable of more realistically simulating regional defects caused by ischemia. In the present work, we extend this model giving it the ability to accurately simulate motion abnormalities caused by myocardial infarction (MI), a far more complex situation in terms of altered mechanics compared with the modeling of acute ischemia. The FE model geometry is based on high resolution CT images of a normal male subject. An anterior region was defined as infarcted and the material properties and fiber distribution were altered, according to the bio-physiological properties of two types of infarction, i.e., fibrous and remodeled infarction (30% thinner wall than fibrous case). Compared with the original, surface-based 4D beating heart model of the XCAT, where regional abnormalities are modeled by simply scaling down the motion in those regions, the FE model was found to provide a more accurate representation of the abnormal motion of the LV due to the effects of fibrous infarction as well as depicting the motion of remodeled infarction. In particular, the FE models allow for the accurate depiction of dyskinetic motion. The average circumferential strain results were found to be consistent with measured dyskinetic experimental results. Combined with the 4D XCAT phantom, the FE model can be used to produce realistic multimodality sets of imaging data from a variety of patients in which the normal or abnormal cardiac function is accurately represented.
I. INTRODUCTION

C
OMPUTERIZED digital phantoms are gaining a wider and wider use in medical imaging research. A major advantage of using phantoms is that the exact anatomy and physiological functions are known, thus providing a gold standard from which to quantitatively evaluate and improve medical imaging devices and image reconstruction and processing techniques. A vital aspect of a simulation is to have realistic phantoms or models of the subject's anatomy and physiology. The results need to be indicative of what would occur in actual patients in order to have practical value.
The 4D NURBS-based cardiac-torso (NCAT) phantom was developed to provide a realistic and flexible model of the human anatomy and cardiac and respiratory motions for use in medical imaging research [1] - [4] . Originally designed for low-resolution nuclear medicine research, the phantom has been recently updated to include a more detailed, whole body anatomy with improved resolution. The new extended 4D NCAT or XCAT phantom has now found application in higher resolution imaging modalities such as MRI and CT. The 4D XCAT phantom has also been used in conjunction with accurate simulation models of the imaging process, e.g., through the use of Monte Carlo techniques. When these accurate models of the imaging process are applied to the XCAT, it is capable of generating realistic multimodality imaging data, e.g., SPECT, PET, MRI, and CT (Fig. 1) .
0278-0062/$26.00 © 2010 IEEE A prior limitation to the 4D NCAT/XCAT series of phantoms was that the cardiac motion was modeled based on a single set of gated tagged MRI data of a particular normal male volunteer. The effects of disease on the cardiac motion could be simulated to a limited extent by scaling down the motion in user-defined pie-shaped regions in the left ventricular wall. This definition of disease had no physiological basis. In a previous study [5] , we sought to overcome this limitation by incorporating into the phantom a physiologically based finite-element (FE) mechanical model for the left ventricle (LV). This model was found to accurately simulate the normal motion of the LV as well as abnormal motions due to ischemia.
The focus of the following is to describe our extension of the FE model of a normal beating heart in the 4D XCAT phantom to include the simulation of dyskinetic myocardial infarction (MI). Myocardial infarction (MI) represents a far more complex situation in terms of altered mechanics compared with the modeling of acute ischemia in which the cessation of the contraction is the most notable alteration [6] . In acute ischemia ( h after onset of ischemia), the behavior of the ischemic region is governed primarily by the passive properties of the normal myocardial tissue. The transition from contractile tissue to passive stretching becomes evident within the first 30 min following coronary ligation and then remains relatively stable for the next 6 hours [7] . After 6 h the tissue shows distinct stiffening [8] - [10] which is poorly quantified.
Once the lack of blood flow has caused cell death (necrotic phase), the tissue is considered infarcted. In the days that follow, the behavior of the infarcted regions is governed by processes associated with inflammation and necrosis [6] with tissue stiffening being evident. This phase lasts until the amount of new collagen, predominately types I and III, in the tissue begins to substantially increase (fibrotic phase) signaling the beginning of scar formation (seven days in humans [11] ). The fibrous phase lasts approximately 21 days [11] in humans and is followed by the remodeling phase. This phase is marked by the thinning of the scar and an expansion of the surface area in the infarction LV wall. Histology indicates that the rise in collagen content slows but cross-linking continues to increase resulting in a stiffer scar [11] .
Surrounding the scar tissue is a region known as the border zone (BZ). The presence of a border zone has been demonstrated though imaging [12] - [17] with these regions showing hypocontractile behavior while having normal perfusion. Mechanical factors such as tethering have been suggested to explain the underlying depressed function in the border zone myocardium [13, [18] [19] [20] [21] [22] . It is these two regions and their associated mechanical behavior that must be included in a realistic model of myocardial infarction. We have developed such a model for the beating heart model of the 4D XCAT phantom by expanding upon our previous FE techniques as outlined below.
We have demonstrated in our previous work that a finite element representation of the LV can be seamlessly combined with the 4D NCAT phantom to model normal and ischemic function. The FE model of the LV was necessary in order to define ischemia in the NCAT using a physiologically based model. We have continued this work and applied the newly developed infarction models to the successor to the 4D NCAT, the 4D XCAT phantoms. The XCAT is a full body implementation of the NCAT and can produce a much greater range of synthetic images than the NCAT. Modeling infarction represents a more complex modeling problem than the present modeling of ischemia. In acute ischemia, the passive behavior of the affected region is unchanged from the rest of the myocardium. The primary manifestation of ischemia is the alteration and cessation of active contraction. In the case of infarction, the geometry, fiber distribution and material behavior all change as described above.
One of the primary considerations of combining FE models with the NCAT or XCAT was that the geometry and the deformations of the LV model be consistent with the phantom LV. The FE LV geometry needed to fit into the phantom heart seamlessly. Furthermore, the gross deformations in the form of wall motion, wall thickening, and LV twist, had to be similar to that defined in the phantom so that the FE LV geometry would interact with the rest of the heart in a realistic manner over the entire cardiac cycle. The model must, therefore, provide subject-specific, mechanical behavior.
II. METHODS
A. Finite Element Model Generation
Complete details of the normal and ischemic models of the beating heart can be found in our previous publication [5] . The following is a short synopsis. A gated high resolution CT image set of a normal male subject acquired on a 32-slice Siemens X-ray multi-slice CT (MS CT) scanner (Siemens AG, Erlangen, Germany) was used to define the cardiac geometry of the finite element model. The patient study consisted of 9 time frames during the cardiac cycle. Each time frame consisted of a image array with a pixel size and slice thickness of 0.42 mm.
The image dataset obtained near the beginning of diastole (approximately 1/3 of the way into diastole [23] ) was used to define the undeformed reference configuration of the FE model. The boundaries of the epi-and endocardial surfaces of the left ventricle were manually segmented using the software program SURFdriver [24] . The segmented closed contours were used to define the FE mesh using TrueGrid [25] preprocessing program. Complete details of the normal and ischemic models can be found in Veress et al. [5] .
1) Passive Material Behavior:
The passive myocardium was represented as a transversely isotropic material with the strain energy function defined as
where represents the behavior of the ground substance surrounding the fibers while represents the behavior of the fibers, and the final term represents the bulk behavior of the material where is the bulk modulus of the material. is the deformation gradient tensor and is the determinant of the deformation gradient tensor , i.e., [26] , [27] . is the first deviatoric invariant of the right Cauchy deformation tensor. The scalar is the deviatoric stretch ratio along the fiber direction, . A neo-Hookean form was used to represent the ground substance matrix, i.e., (2) where is the shear modulus of the ground substance. The passive Cauchy stress tensor is (3) where , and are strain energy derivatives with respect to and , is the deviatoric left deformation tensor, is a pressure term which enforces incompressibility, is the identity tensor, and " " represents the vector outer product operation.
The stress-stretch behavior for the fiber direction is represented as an exponential function, with no resistance to a compressive load (4) The material coefficients and scale the fiber stress and control its rate of rise with increasing stretch, respectively. Further details of this material model can be found in the work of Weiss et al. [26] . The values of the constants , and were defined through least squares fit of biaxial testing of myocardial tissue [28] - [30] .
2) Active Contraction: A "time varying elastance" active contraction model [29] , [30] was added to the passive material model so that the total Cauchy stress in the fiber direction is the sum of the active stress tensor and the passive stress tensor (5) where is the deformed fiber unit vector, defined as . The active fiber stress is defined as (6) where is the isometric tension under maximal activation and is the peak intracellular calcium concentration.
governs the shape of the activation curve [30] . The length dependent calcium sensitivity is governed by the following:
The active contraction was governed by the product (an active contraction stress) in (6) , which was used to define a "load curve," specifying the degree of contraction and subsequent relaxation during the cardiac cycle [5] . The intraventricular diastolic and systolic pressure-time curves were defined from literature values [30] , [31] . The fiber distribution within the normal myocardium was based on diffusion tensor MRI measurements of cadaveric human hearts ( epi, to 90 endo) [32] . Each element within the FE mesh has a fiber direction associated with it in the form of a vector in 3D space. In this manner, the fiber distribution was defined for every element of the FE mesh. The activation of the myocardium is simultaneous as there is no electrical conduction in this model. In other words, the activation of every element occured exactly at the same time. The analyses were conducted using NIKE3D, a nonlinear, large deformation FE package [33] , [34] .
3) Scar Fiber Definition: The region defined as ischemic in our previous work [5] was redefined as the scar portion of the MI model and similar to the way the XCAT has defined the wedges of ischemic and infarcted tissue. In practice, any shape can be defined using the finite element preprocessor (TrueGrid, XYZ Scientific Applications, Livermore, CA) as well as other software developed for this work. The fiber distribution within the scar was defined using the strain and fiber distributions reported by Holmes et al. [6] , [35] , specifically, the epi and endocardial fiber angles were made more circumferential. Rather than rely on published values, the fiber distribution was defined by matching the diastolic longitudinal and circumferential strain stiffening evident in the Holmes studies. The scar was found to be stiffer in the circumferential direction than the noninfarcted controls manifesting in a 32% reduction in strain (Green-Lagrange). In contrast the longitudinal strains in the infarcted animals showed similar strain values as the noninfarcted controls. In order to reproduce this behavior, the fiber stiffness was increased by approximately 2.1 times that of the normal LV. However, stiffening alone did not reproduce the strain distribution described in the works by Holmes, thus requiring an alteration in fiber structure within the infarction region.
An iterative process was utilized to determine the appropriate fiber distribution. The fiber distribution was also made incrementally more circumferential in orientation until the fiber distribution showed a 32% reduction in strain in the circumferential direction yet the average longitudinal strain was nearly identical to the normal control model value within the infarct region. The fiber distribution of at the epicardium to 42 at the endocardium in the infarcted region was found to produce circumferential strains that were approximately 32% reduction in strain than the normal model under diastolic pressures (1.6 KPa or 12 mmHg). The longitudinal strains were nearly identical to those found in the normal model for the same nodes. This then represents the stable post-infarct configuration at the end of the fibrous phase [ Fig. 2 A second configuration of the heart was considered, that being the remodeled infarct. For this configuration, the wall of the infarcted myocardium was reduced by 30%. Within the infarcted region the endocardial surface was moved 30% closer to the epicardial surface [ Fig. 2(c) ]. The reference shape of the epicardial surface was not altered and the nodes within the wall were evenly distributed between the surfaces. It should be noted that the surface area of the infarcted region was not increased as has been reported in the literature for this type of infarction. The reasoning behind this was that the comparisons of the strains would be more relevant for identically sized infarcted regions within the two models. The material properties and fiber distribution within this region were initially not altered from those of the fibrous model. This model was then iteratively run to determine the amount of increased stiffness necessary for the remodeled LV to reproduce the strain values within the infarction region as reported in the literature.
Recent studies [36] , [37] have found that the reorientation of the fiber architecture in the infarcted myocardium described by Holmes et al. [6] , [35] have not been confirmed through imaging studies thus calling into question the validity of using an altered fiber structure when modeling the infarct. In order to explore the effects of the two types of fiber definitions, normal and altered, the fibrous and remodeled models were rerun using the fiber structure of the normal myocardium. The transmural strain distributions were then compared with the results of the models having the altered fibers distributions.
4) Scar Active Contraction:
The active contraction within the infarcted region was simulated in the FE model for the LV by modifying the active contraction model as described by Mazhari et al. [38] . The active contraction stress was eliminated by employing a step change increase in calcium sensitivity . This change in calcium concentration sensitivity causes a complete cessation of the contractile function within the ischemic region. This lack of any active contraction represents the baseline configuration of the fibrous and remodeled FE models.
5) Border Zone:
The border zone (BZ) was defined as the elements surrounding the infarcted region (5-7 mm). In the remodeled case, the BZ was also the transition between the infarcted remodeled elements and the normal wall elements [ Fig. 2(c) ]. The fiber distribution in the BZ was not altered from that of the normal model. The active contraction stress in the BZ was reduced by 50% according to published literature values [39] , [40] .
B. Evaluation of the Finite Element Model
The transmural strain distributions resulting from the two definitions of infarction were compared with the strain distributions predicted by the normal FE model [5] . The transmural strain results of both infarction models were determined and the average circumferential and radial strains were determined and compared with those of the normal model as well as literature values. The strains predicted by the models could not be directly compared with the literature values due to inherent differences in the reference configurations of the experimental strain measurements and the FE model results. The reference (unloaded) configuration for the measurements found in the literature use end-diastole as the reference configuration while the FE models used in this study use the beginning of diastole. The tagged MRI strain measurements reported in the literature use end-diastole as the reference configuration while our FE models use the beginning of diastole. The end-diastolic node locations were substituted for the beginning-diastolic node locations. The displacements from end-diastole to end-systole from the FE analysis were then applied to the wall nodes. In other words, in these new models, the displacements going from beginning-diastole (reference configuration) to end-diastole (new reference configuration) in the original FE analysis were applied to the nodes of the original model to define the new node locations. End diastole then became the new reference configuration. This new model was then run from end-diastole to end-systole (systolic contraction only) using the displacements defined for end-diastole to end-systole in the original model. The strains in the direction of the fibers reported using the shifted reference configuration are known as ejection strains [41] . The average strains within the infarction zones were then determined and compared with literature values.
Similar to what was done for ischemia [5] , the FE deformation results for infarction were compared with results obtained using the 4D XCAT's simplified model of disease. In the original 4D NCAT/XCAT phantom, regional motion abnormalities were modeled by just scaling down the motion of the LV myocardium in the infarcted region. The infarcted region in the FE mechanical model was adjusted to model this simple definition for two cases, 50% and 100% reductions in motion. The deformations defined by the existing definition of ischemia/infarction were used to define the infarction region in these additional models. The pressure loads were removed from the infarction regions, and the only loading was the displacements determined from the 0% or the 50% displacement settings in the 4D XCAT phantom. The end-systolic transmural strain distributions were determined and compared with the strain distributions predicted by the fibrous and remodeled infarction models.
It was assumed from the outset that the remodeled configuration would show an increased strain as there is simply less wall to take up the pressure load and this portion of the wall was assigned the same material properties as the fibrous case. In order to study the effects of cross-linking of the remodeled case, this model was iteratively run while selectively stiffening the scar tissue until the average strain values found in the literature were reached.
The computations were carried out on a four core Intel based Linux computer with 4 GB of core memory requiring approximately an hour of analysis time. This relatively short analysis time allowed for multiple iterations of the analyses for the fibrous model in order to find a scar fiber distribution that provided the appropriate circumferential and longitudinal strain distributions.
C. Incorporation of the FE Model Into the 4D XCAT Phantom
Complete details of the methods used to combine the FE results with the 4D XCAT phantom can be found in Veress et al. [5] . Briefly, the organ models in the 4D XCAT phantom are defined using 3D NURBS surfaces [4] . The size and shape of each NURBS surface model was determined by a set of control points. A surface can be altered by applying affine and other transformations to the control points in order to model anatomical variation or patient motion. The node points of the FE mesh at the beginning of diastole were used to define the control points for an inner, outer, and three mid-ventricular NURBS surfaces for the LV. The motion of the node points over the cardiac cycle as determined by the FE analysis were used to define the time-position curves for the control points of the surfaces which were used to replace the standard 3D XCAT LV beating heart model of the standard 4D XCAT. Atrial motions were modified to accommodate the new ventricular surfaces created from the mechanical model.
The FE based infarction models were incorporated into the 4D XCAT phantom and a gated myocardial perfusion SPECT simulation was performed. The distribution of radioactivity concentration was set to model the uptake of a typical Tc-99m sestamibi patient study [42] . The FE based beating heart model was divided into 16 time frames over a cardiac cycle (1 beat per second). Each generated 4D XCAT phantom with the heart models at the 16 time frames was stored in a array with a pixel size and slice thickness of 0.31 cm. For each heart model, the 16 time frames were averaged to create a phantom of the average beating heart motion for that case. Emission projection data were generated using a parallel projection model simulating an L-configured dual-camera SPECT system equipped with a transmission source. A complete projection dataset was generated over the typical 180 (45 right anterior oblique to 45 left posterior oblique) rotational arc around the patient. The simulations used a projection model that included the effects of nonuniform attenuation, detector response, and scatter. A low-energy high-resolution (LEHR) collimator with a thickness of 4.1 mm and hexagonal holes with a flat-to-flat size of 0.19 mm was simulated. The 128 128 simulated emission projection images were collapsed to 64 64 to simulate sampling used in a clinical data acquisition.
The noise-free emission projection data were reconstructed using the iterative ordered-subset expectation-maximization (OS-EM) reconstruction method with compensation for attenuation, scatter, and collimator-detector response [43] . The images were reconstructed into 64 64 arrays with 64 slices and a pixel width and slice thickness of 0.63 cm.
The intensity profiles through a representative mid-ventricular slice were compared for the normal, fibrous and remodeled reconstructed images for the case of full perfusion. The fibrous and infarct cases were reconstructed with the perfusion reduced to 50% of the normal. The intensity profiles through the walls were compared.
III. RESULTS
A. Analysis of the Finite Element Model for Infarction
The fibrous and remodeled models showed changes in both the systolic and diastolic volumes from the addition of the infarcted regions. The normal beating heart model had an end-diastolic volume of 107 ml and an end-systolic volume of 41 ml. The fibrous and remodeled simulations produced end-diastolic volumes of 106 ml and 108 ml, respectively, and end-systolic volumes of 47 ml and 55 ml. The remodeled case where the wall was defined as having been 10 times stiffer than the fibrous case had an end-diastolic volume of 106 ml and 51 ml for end-systole. The presence of the infarction decreased the ejection fraction from 62% in the normal to 56% for the fibrous case. This was further reduced to 49% for the remodel case (Table I) with the original material properties. The remodeled case with the wall stiffness increased tenfold showed an improved ejection fraction of 52%.
The gross deformations of the normal LV model was consistent with the 4D XCAT phantom (Table I) ensuring that the FE based LV would move and fit properly in the 4D XCAT heart. The wall thickening, and LV twist values were very similar to those of the XCAT LV. The infarcted regions of the LV in the fibrous model showed slight wall thinning. The remodel case showed nearly double the wall thinning as the fibrous case. The remodeled case with the tenfold increase in wall stiffness showed nearly half of the thinning (Table I) than the unaltered remodeled LV model.
The strain distribution of the normal LV was consistent with literature values from a number of studies (Table II) . Our previous work further indicated that the strain distributions were consistent with highly detailed measurements conducted by Waldmen et al. [44] . The comparison of the Waldmen measured strains with those of the normal model can be found in our previous work [5] .
The end-systolic strain distributions within the infarction for the fibrous and remodeled cases showed the largest strain values at the endo-cardial surface with a semi-linear decrease toward the epicardial wall. The exception is the circumferential fibrous strain distribution which had the maximum near the epi-cardial wall (Figs. 3 and 4) . The negative sign in the radial strain values indicates compression. For the fibrous infarction case, the average end-systolic circumferential strain was 0.125 indicating elongation, the average end-systolic radial strain was indicating wall thinning and the fiber stretch of 1.03 indicating fiber elongation. The remodeled case had an average circumferential strain of 0.23, and an average end-systolic radial strain of -0.06 and a fiber stretch of 1.08. For comparison purposes, the normal model had an average end-systolic circumferential Fig. 4 . Short axis cross-sections for end-systolic circumferential (a) and radial (b) Green-Lagrange strains through infarcted regions with normal fiber distributions. The strain distributions are essentially equivalent to those produced by the altered fiber models depicted in Fig. 3. strain of -0.04, an average end-systolic radial strain of 0.01 indicating wall thickening and the fiber stretch was 0.93 indicating fiber contraction. It should be noted that these results are referenced to the beginning of diastole. The results for the fibrous and remodeled infarction models indicated nearly identical cross-sectional strain distributions for both circumferential and radial strains (Figs. 3 and 4) .
The average circumferential systolic strain with the reference state shifted to end-diastole was 0.03 for the fibrous model for the average fibrous infarct strain and for the remodeled case. In order for the remodeled infarct model to reproduce literature values the wall had to be stiffened to a value approximately 10 times that of the fibrous stiffness [10 times in (4)]. The infarcted region had an average circumferential strain of approximately 0.04 and an average radial strain of . The average ejection strains [41] (fiber strains from end-diastole to end-systole) were for the fibrous model and for the remodeled case. The remodeled case using the increased stiffness had an ejection strain of 0.02. The infarction models with the normal fiber distributions within the scar showed nearly identical transmural fiber distributions as the altered fiber models. The difference in transmural strains was less than 4% for the average transmural circumferential and radial strains depicted in Fig. 5 (referenced to end-diastole). In most cases the difference was less than 3%. In contast, the longitudinal (long-axis strain) showed decreased values by 7%. This was due to the steeper fibers distribution within the scar so that the region was stiffer in this direction during diastolic filling and contracts more in this direction during systole. 
B. Comparison of the FE Infarction Models to the Original XCAT Model
The comparison of the FE infarction results with the results using the 4D XCAT phantom's original definition of ischemia/infarction show that the strain distributions predicted by the XCAT are of opposite sign as the dyskinetic model results ( Fig. 6 ) and have relatively low end-systolic strain values.
C. Myocardial SPECT Simulation Study
The intensity profile results based upon the reconstructed images (Fig. 7 top) indicate that for the normal perfusion cases the intensity profiles were nearly identical for the normal and the fibrous cases (Fig. 7 bottom) . It should be noted that normal perfusion represents an unrealistic case that would never be found clinically. The intensity profiles for the reduced perfusion cases indicate that the difference in intensity values across the wall for the fibrous and remodeled infarcts were approximately 8-10 out of 256 gray levels. This difference in intensity is reflected in the deformation results. The maximum deformation difference between the normal FE model and the fibrous model, as measured from the models themselves, was 1.2. The maximum deformation difference between the normal and the remodeled models was 3.0.
IV. DISCUSSION
The use of finite element models to drive a realistic computerized phantom designed originally for imaging research represents a unique and novel combination of technologies. It allows Fig. 7 . Intensity profiles (bottom) across the anterior region (red dashed line) of the LV taken from short-axis images (top) indicate that the remodeled defect based on the FE model shows the greatest reduction in intensity with respect to the normal both with full perfusion and the 50% reduction in perfusion. The full perfusion fibrous infarct is indistinguishable from the normal but represents a case never found clinically. The 50% reduction in perfusion results in difficulty in distinguishing between the fibrous and remodeled cases due to the low resolution of the reconstructed gated SPECT images. the phantom to model the full range of behavior found with infarction. These include hypokinetic behavior found in sub-endocardial ischemia [5] and infarction as well as akinetic behavior. Both the hypokinetic and akinetic behavior may be modeled in two ways. The wall motion in the 4D XCAT heart model can be reduced or fixed over the entire cardiac cycle. The second method involves reducing but not eliminating the contractile behavior within the infarcted region of the FE model. This was demonstrated by Dang et al. [39] to model akinetic behavior of an infarcted region. Their work suggested that infarcted tissue must have between 20% to 50% of the myocytes contracting in order for the tissue to behave in an akinetic manner. The exact amount of contracting myocytes depended upon the relative stiffness within the region [39] . This secondary method of defining hypo-and akinetic wall motion represents a physiologically based depiction of cardiac motion where one defines the relative myocyte function directly. This methodology can also be used to define subendocardial infarctions. The 4D XCAT heart model is ill equipped to mimic this type of infarction since only the overall wall motion is defined. Finite element models allow for the defining of a subendocardial region and the wall motion will then be a function of the contraction within the normally perfused myocardium and the passive mechanics of the scar tissue.
The primary focus of our work is reproducing dyskinetic behavior which the 4D XCAT heart model cannot accommodate. Two new infarction cases have been developed representing fibrous and remodeled infarctions. The presence of these relatively modest sized infarctions had a clear effect on the predicted volumes and ejection fractions of the LV. However, the models do not have any of the compensatory mechanisms resulting in increased contractility of the native heart so that the predicted changes in volume and EF are not likely to be seen in the native heart with a similar sized anterior infarction. However, the models can easily be adjusted for an increased compensatory contraction provided the amount of increased contraction is known.
The average circumferential strain results were consistent with the results of the dyskinetic infarction results reported in the literature (Table III) . The average circumferential strain for the fibrous model was similar in magnitude and sign with the strain measurements reported by Walker et al. [45] . These studies were made in a sheep whose heart was 22.5 weeks post-infarct and was imaged using tagged MRI and subsequently analyzed to determine the strain distributions. The results were also consistent with those of Carlsson et al. [46] who measured strain within infarction scar tissue in pigs whose hearts were 50 days post-infarct and again using tagged MRI analysis. The radial strain results predicted for the fibrous model results were slightly higher than those measured by Pislaru et al. [47] using echocardiographic interrogation of porcine subjects. The remodeled results using the same material properties as the fibrous were higher than the literature values. The tenfold increase in stiffness was found to reproduce the strain values reported in the literature. This indicates that there must be increased stiffening of the infarcted region even after it has reached a stable configuration this likely due to the cross-linking of collagen that goes on during remodeling [6] , [48] .
The results of our model produced results consistent with other FE based models of infarction. The radial strain results of were consistent with the results of Dang et al. [39] whose model showed radial strains in the range of to for a 10% dyskinetic infarction. The average ejection strain results were also consistent with the strain results predicted by Kerckhoffs et al. [41] for ejection strain within infarcted regions of hearts having left bundle branch block and these hearts undergoing bi-ventricular pacing . The simulated noise-free 4D gated myocardial perfusion SPECT images generated from the 4D XCAT phantom indicate that a 30% decrease in thickness is difficult to ascertain from the relatively low resolution available from this type of imaging (Fig. 7 top) particularly for the reduced perfusion case. The intensity profile results indicate that the difference in intensities between infarction types would be difficult to see for the reduced perfusion case. With the addition of noise both the difference in thickness between the two lesion types and the difference in the uptake would be even more difficult to distinguish. The differences, however, may be more distinguishable using higher resolution imaging such as PET, MRI, or CT. The alteration of the fiber distributions to the normal distribution within the scar region had its greatest influence in the long-axis direction. The radial and circumferential transmural strain distributions (Figs. 3 and 4) remained largely unaltered. The average transmural values also showed little change. This may be due to the relatively small size of the infarcted area as well as the shape of the region. The scar is rectangular with the greater dimension being longitudinal rather than being circumferential. This shape may minimize the effects of the fiber distributions in the short-axis strains.
The fiber distribution determined by fitting the models to the strain distributions described by Holmes et al. [6] , [35] showed less circumferential reorientation ( at the epicardium to 42 at the endocardium) than those reported in their work. They reported that the majority of large collagen fibers in the scar are oriented within 30 of the circumferential direction.
The sophistication of the FE model used for this study should be evaluated with respect to the application. The model was designed to provide realistic deformation distribution in order to produce reconstructed gated myocardial perfusion PET and SPECT synthetic images of dyskinetic infarctions which the XCAT cannot accommodate. As demonstrated in our previous work [5] as well as by the models described above, our FE LV models can provide strain distributions and gross changes in geometry consistent with literature values (Tables I-IV) [5] . The change in gross geometry suggests that both systolic and diastolic function was negatively affected by the presence of the infarct. The diastolic volume was reduced in both the fibrous and remodeled cases. Increasing the stiffness of the remodeled infarct improved overall cardiac function.
A. Limitations
The material model used in this study is similar to that proposed by Guccione et al. [49] , [50] and utilized by Kerckoff [23] , [41] , [51] , [52] and others [45] , [53] - [55] where the fiber is an exponential function of the fiber strain. The primary difference is that the cross fiber stiffness terms are expressed in the Guccione model as an exponential while in the Weiss model they are represented as a linear function of the trace of the deviatoric deformation gradient [26] , [27] . Our previous work as well as results shown in this paper demonstrates that this material model can produce realistic strain distributions for the normal LV wall. Finite element models based on transversely isotropy have been shown to be able accurately reproduce the observed strain distributions of the myocardium [50] , [56] - [58] . One shortcoming of transverse isotropy is that this material model cannot accurately predict the transverse shear strains during systole [44] , [59] , [60] . Studies have indicated that the myocardium is structurally orthotropic [41] , [61] - [64] . In order to address this problem, the Guccione model has been extended to be orthotropic [50] by adding additional cross fiber terms that represent the in-sheet and cross-sheet stiffness. Another orthotropic formulation was proposed by Peter Hunter's group [65] , [66] . It is based on the fitting of 18 material property parameters each of which have a structural basis. Assumptions based on the microstructure were used to reduce the number of material parameters since the fitting of a large number of material constants can be difficult [50] . Even with the increased accuracy of orthotropic material models, transversely isotropic material models continue to be used to model the myocardium [23] , [39] , [41] , [45] , [52] , [54] , [55] , [67] , [68] , most likely due to their ease of use as well as the prevalence in the literature of published values for the material parameters definitions e.g., Guccione et al. [69] , [70] .
Another limitation of the current model is that there is no electrical conduction system. Conduction inhomogeneities [41] within the scar tissue are not taken into account by our model. These inhomogeneities affect the path and timing of the contraction sometimes leading to serious conduction abnormalities. The exploration of the effects of these infarction related conduction abnormalities [41] , [51] , [52] requires the use of a coupled electromechanical models. Work by Sermesant et al. [71] illustrates a 3D electromechanical model designed both for the simulation of the electrical and mechanical activity of the LV and RV as well as for the application of the models to image segmentation of a time series of medical images. The model incorporates a transversely isotropic material model that is coupled to a electrical propagation model based upon the FitzHugh-Nagumo reaction-diffusion equations. The nonlinearity of the myocardium is reproduced by piecewise linear sections of the stress/strain characteristics. In other words, multiple linear sections are combined to produce the hearts nonlinear behavior. The model was shown to be able to reproduce the twist and wall thickening characteristics of the LV. They further demonstrated that this type of model can be adjusted to model a patient-specific anatomy based upon MRI, and a framework to automatically estimate mechanical parameters, like local contractility, from tagged MRI based displacements [72] . Another coupled electromechanical model is the Continuity system. Recently, work of Kerchoff et al. [41] demonstrates that the system can reproduce most of the conduction abnormalities found in and around scar tissue with the exception of the transmural inhomogeneities. The results produced by our model simply cannot accommodate conduction abnormalities, however, these type of models without conduction systems can be used to accurately model myocardial infarction [45] , [54] , [55] , [68] , [73] .
The work of McVeigh et al. [74] and Wyman et al. [75] suggests that uniform contraction may be a reasonable assumption for normal contraction or pathologies that do not directly affect the conduction pathways. Their work is based upon the direct measure of the temporal strain evolution through the use of tagged MRI. They found that the strain associated with activation is nearly uniform as a function of position within the LV based on right atrial paced subjects. From the mechanics prospective, this represents the best case. If the contraction is nearly uniform then there are no regions that are akinetic or dyskinesic. For example a large ischemic region with aneurymsal bulging would allow for less volume to be ejected thus reducing the efficiency of the pump. Another example of this type of behavior would be left bundle branch block (LBBB). In LBBB, the activation of the lateral wall is much delayed compared with the septal wall. The lateral wall must, therefore, work harder than the septal region because of the build up of pressure from the initial septal contraction. The effects of the increased lateral wall workload can be seen in imaging studies which found that LBBB causes increased wall thickening in the lateral wall [76] - [78] compared with the septal wall as well as increased remodeling following the same pattern [77] , [78] .
The model does not have a mechanism to mimic the compensatory increase in contraction due to the decreased cardiac output resulting from the infarct. A model capable of mimicking the response of the cardiovascular system would be necessary to provide an accurate increase in contraction. Work is currently underway to develop such a system [79] . Furthermore, such a system would allow for the modeling of other conditions such as hypertension and heart failure to be accurately reproduced and incorporated into the 4D XCAT. Another limitation is that the fiber distribution in the normal heart is based on literature values rather than measured values from the subject. Eventually, diffusion tensor MRI (DTMRI) should be able to provide subject-specific fiber distributions, however, current problems with 1 http://www.continuity.ucsd.edu/Continuity motion artifacts and long acquisition times make in vivo measurement impractical. Our previous work showed that the model was able to reproduce the complex contraction and twisting motions of the heart observed using tagged MRI imaging of the native heart [5] .
B. Fiber Composition and Distributions
Recent work has indicated that the scar is now considered living tissue, composed of fibroblast-like cells called myofibroblasts (myoFb) [80] , [81] . These cells are active within the infarction site for years persisting long after the scar has formed [81] , [82] . These cells are responsible for the turn over of type I and III collagens which are the primary structural components of stable scar tissue. Zimmerman et al. [48] has suggested that the original extracellular matrix acts as a scaffold along which fibroblasts migrate, laying down new collagen in approximately the same orientation as the original matrix with the non-ischemic myocardium acting as the source of the migrating fibroblasts. They also suggested that the dominant direction of deformation also influences infarct scar organization. The continuing addition and cross-linking of collagen in the infarction is likely responsible for increased stiffness necessary to reproduce the literature values in the established remodeled infraction. The driving force behind the remodeling may be similar to that described by Kroon et al. [55] . Their work suggests that the remodeling of microfibers were a local adaptation to local stress and strain distribution. The remodeling of the wall appears to be a function of the minimization of cross-fiber shear strain during the ejection phase of the cardiac cycle. Their work indicated that the result of this local remodeling was the increase in local tissue peak stress and strain during ejection. It is difficult to evaluate our results in terms of determining the driving force for the infarction remodeling as this is a function of passive stresses and strains during the cardiac cycle rather than the stresses and strains during active contraction of tissue as discussed in the Kroon work.
The comparison of the infarction model results with the strain distributions using the original definition of ischemia/infarction (defined simply by scaling down the motion) in the 4D XCAT phantom show that the strain distributions are of opposite sign suggesting the XCAT reproduces hypokinetic and akinetic infarction behavior compared with the dyskinetic behavior of the FE based models. In general, the strain distributions for the two XCAT infarction definitions (50% and 0%, Fig. 6 ) show reasonable strain distributions. The hypokinetic FE model would likely provide more reasonable strain distributions. However, more accurate strain distributions would not benefit the low-resolution reconstructed 4D gated myocardial perfusion PET and SPECT images generated from the 4D XCAT phantom. Also, one would expect very low strain values for the 0% displacement case [39] so the XCAT definition of infarction in this case seems quite reasonable.
The work of Walker and Chen [36] , [37] found that the fiber orientations within the infarct regions remained unaltered after remodeling. In contrast, an imaging study by Wu et al. [83] found that the fibers did become more circumferentially oriented in infarcted regions after remodeling. As the imaging work becomes more sophisticated, the exact progression and change in fiber distribution will become better defined. Differences in imaging protocols and analysis likely affect the reported fiber architecture. For example, Dou et al. [84] demonstrated that fiber helix angle measurements were directly affected by thephase at which the images were studied. They demonstrated that the histogram of fiber helix angles becomes broader from early-systole to end-systole within the infarct region.
The noninfarcted regions adjacent to the infarct appear to undergo drastic changes in orientation. The Zimmerman et al. [85] porcine histological study found that adjacent tissue remodeled by expansion along the direction of the fibers and in the cross fiber direction three weeks post-infarct. Walker et al. [36] found that the fibers in the anterior region adjacent to the infarcts were circumferential at the epicardium and longitudinal at the endocardium. Wu et al. [86] found that the transmural fiber structure shifted toward a more left-handed orientation (positive fiber angles) in the adjacent tissue. The changes in orientation were found to be dependent upon the location of the tissue with respect to the infarcted region [36] as well as by the size of the infarcted region [87] . Wu et al. [87] suggested that larger scars lead to more LV remodeling in the adjacent regions. The changes in fiber architecture may also extend to the remote myocardium. Wu et al. found that the remote myocardium also showed a shift to a more left handed fiber orientation [86] . The alterations in the fiber distributions in the regions adjacent to the infarct have not been incorporated into the current model. These changes, as well as those in the remote myocardium will be added to the model once there is a general consensus on what the changes in the fiber structure are as well as having a firm delineation between the altered and normal myocardium. This has proven to be difficult [87] and determining the size of these regions remain undetermined. Furthermore, it appears likely that the post-infarct fiber distribution changes both within the infarct and in the adjacent regions will likely vary depending on the species being studied, the nature of the infarct as well as the time from infarction onset.
V. CONCLUSION
The 4D XCAT phantom, with its realistic model for the normal cardiac motion, is widely used in the evaluation and improvement of 4D cardiac imaging instrumentation, data acquisition techniques and image processing and reconstruction methods. It is necessary for the XCAT to be able to reproduce the full range of perfusion and deformation abnormalities seen in the clinical setting. The coupling of the continuum based FE models with the 4D XCAT phantom illustrates how the deformation characteristics due to infarction can be reproduced and incorporated into the XCAT phantom in order to produce synthetic images. In other words, the entire range of hyperkinetic, akinetic and dyskinetic motions are necessary to reflect ischemia and infarction. Being able to reproduce the full range of clinical presentations is extremely important in the development of new camera technologies and new data processing methodologies providing an invaluable tool with which to study the effects of anatomy and patient motions [1] - [4] . Simulations using the phantom provide a means to evaluate statistical requirements and temporal requirements needed to improve the diagnosis of cardiac abnormalities.
The 4D XCAT phantom, with its realistic model for normal cardiac motion, is widely used in the evaluation and improvement of 4D cardiac imaging instrumentation, data acquisition techniques and image processing and reconstruction methods. To develop a more versatile imaging simulation tool, it is necessary for the XCAT to be able to reproduce the full range of perfusion and deformations abnormalities seen in the clinical setting. Towards this goal, this paper creates an infarct model that couples continuum based FE models with the 4D XCAT phantom. This example illustrates how the deformation characteristics due to infarction can be reproduced and incorporated into the XCAT phantom in order to produce synthetic images that could reflect the entire range of hyperkinetic, akinetic and dyskinetic motions of the heart. Our previous paper demonstrated how this could be accomplished through the simulation of the deformations due to ischemia [5] . Simulations using the phantom provide a means to evaluate sensitivity and resolution (spatial and temporal) requirements needed to improve the diagnosis of cardiac abnormalities. The ability to reproduce the full range of clinical presentations will provide an invaluable tool with which to study the effects of anatomy and physiology, disease, and both anatomical and patient motion on image quality [1] - [5] . This is extremely important in the development of new camera technologies and data processing methodologies.
